Gradient-echo MRI of resonance-frequency shift and T2* values exhibits unique tissue contrast and offers relevant physiological information. However, acquiring 3D-phase images and T2* maps [A1] with the standard spoiled gradient echo (SPGR) sequence is lengthy for routine imaging at high-spatial resolution and whole-brain coverage. In addition, with the standard SPGR sequence, optimal signal-to-noise ratio (SNR) cannot be achieved for every tissue type given their distributed resonance frequency and T2* value. To address these two issues, a SNR optimized multi-echo sequence with a stack-of-spiral acquisition is proposed and implemented for achieving fast and simultaneous acquisition of image phase and T2* maps. The analytical behavior of the phase SNR is derived as a function of resonance frequency, T2* and echo time. This relationship is utilized to achieve tissue optimized SNR by combining phase images with different echo times. Simulations and in vivo experiments were designed to verify the theoretical predictions. Using the multi-echo spiral acquisition, whole-brain coverage with 1 mm isotropic resolution can be achieved within 2.5 minutes, shortening the scan time by a factor of 8. The resulting multi-echo phase map shows similar SNR to that of the standard SPGR. The acquisition can be further accelerated with non-Cartesian parallel imaging. The technique can be readily extended to other multi-shot readout trajectories besides spiral. It may provide a practical acquisition strategy for high resolution and simultaneous 3D mapping of magnetic susceptibility and T2*.
INTRODUCTION
Recent advances in scanner hardware and signal processing techniques have allowed the diagnostic value of the image phase (or resonance frequency shift) to be better exploited. For example, Rauscher et al demonstrated that image phase reveals contrast in the deep nucleus regions that is not observed in the corresponding magnitude images (Rauscher et al., 2005) ; Duyn et al reported that the phase images provide better contrast at the white matter and gray matter interface than the magnitude images (Duyn et al., 2007; Lee et al., 2010) . Image phase also allows susceptibility maps to be derived. Compared to image phase, susceptibility is an intrinsic local tissue property that can be measured quantitatively. Quantitative susceptibility measurement potentially allows assessment of iron and myelin tissue contents . Iron content in the deep nucleus is an indicator for various neurodegenerative diseases (Haacke et al., 2005) such as Parkinson's disease (PD), Alzheimer's disease (AD) and Huntington's disease.
Quantitative susceptibility mapping requires 3D volume coverage. Commonly, the image phase information is obtained with a 3D spoiled-gradient echo sequence (SPGR). However, due to the desired long echo time (TE) and high isotropic resolution, whole brain imaging is often a prolonged process. For instance, it takes approximately 20 minutes to acquire images with 1 mm isotropic resolution (192×192×120 volume) and a TR of 52ms. Such long scan time gives rise to many motion related artifacts. This long scan time becomes impractical for multi-orientation based susceptibility mapping (Liu et al., 2009; Wharton and Bowtell, 2010) and for susceptibility tensor imaging (Liu, 2010) . Although under-sampling techniques such as parallel imaging (Pruessmann et al., 1999; Wu et al., 2009 ) and compressed sensing (Lustig et al., 2007; Wu et al., 2011) may be potentially incorporated to reduce scan time, the reconstructed image is always afflicted with artifacts such as noise amplification and loss of image contrast and details. Furthermore, brain tissues typically have a wide range of frequency shifts and T2* values, resulting in different signal behavior for different tissue types. For example, deep nuclei exhibit positive frequency shift and short T2* while white matter shows negative frequency shift and relatively long T2*. Consequently, optimal measurement of frequency shift and magnetic susceptibility cannot be achieved with the standard SPGR method. In summary, faster and tissue-optimized imaging techniques are necessary to resolve these important issues.
Here, we propose a multi-echo multi-shot technique to achieve faster image acquisition and tissue-optimized signal-to-noise ratio (SNR). Although a spiral trajectory is utilized in the current implementation, other multi-shot trajectories, such as multi-shot EPI and read-out segmented EPI, can be readily incorporated. Due to its efficient use of the field gradient system, the spiral readout trajectory allows the k-space to be traversed rapidly and efficiently. In addition to fast imaging benefit, spiral imaging also has other intrinsic properties compared to Cartesian trajectories, such as SNR efficiency and inherent refocusing of motion-and flow-induced phase error (Delattre et al., 2010) . Due to these properties, spiral imaging has been widely employed in Cardiac imaging (Ryf et al., 2004) , diffusion tensor imaging (Liu et al., 2004) , coronary artery imaging (Kressler et al., 2007) and functional MRI (Hu and Glover, 2007; Truong and Song, 2008) when high temporal resolution is required and motion is a potential problem. The drawback of spiral sampling compared to Cartesian sampling, however, is the increased susceptibility to off-resonance artifacts. When a short readout time is used, the off-resonance distortion can be limited and image phase information can be captured equally well as in Cartesian sampling. To improve and optimize SNR, we derive an optimal strategy to combine multi-echo data following the signal behavior that is specific to the underlying tissue properties (frequency shift and T2*). Multi-echo acquisition during the otherwise unused time interval does not require extra scan time. Multi-echo fMRI has been shown to increase the sensitivity of BOLD signal detection (Posse et al., 1999) whereas the use of multiple echo data set in the SWI shows improved SNR and contrast-to-noise (CNR) in the vascular regions (Denk and Rauscher, 2010) .
The aim of this work is to achieve fast and accurate phase, susceptibility and T2* imaging based on a multi-echo spiral sequence. The temporal characteristics of the phase SNR at different echo times is investigated and used to optimally combine phase images and achieve tissue-optimized SNR. Phase imaging at a very high resolution (0.5 mm isotropic) using the proposed method is demonstrated at 3.0 T.
THEORY SNR of Image phase at a Single Echo
The Rician noise in the magnitude of MR signal is typically approximated as additive white noise in the limit of high SNR. In gradient echo, the SNR of signal magnitude decays exponentially as characterized by the T2* tissue relaxation time, and hence the shortest echo time is most desirable for maximal SNR of the magnitude. However, the SNR behavior of the image phase is less intuitive as it is non-linear and is a function of both resonance frequency and T2*. In other words, the phase behavior is tissue dependent. An exact knowledge of this behavior can be useful for optimizing the echo time to maximize phase SNR.
The MR signal M at time t may be written as:
Where n re and n im represents white noise in real and imaginary parts with the same noise power, M 0 is the transverse magnetization, j is the imaginary unit and f is the frequency offset. It can be shown that the noise in signal phase, n θ , in a first-order approximation, may be written as (see Appendix):
If the real and imaginary channel has equal noise variance, i.e. if , the noise power in the phase is: (8) Then the SNR of the image phase at time t may be written as: (9) It shows that the SNR of the image phase is dependent on the frequency offset source, the transverse magnetization, and the T2* tissue relaxation time. It is then easy to derive the echo time at which the phase SNR is optimal:
The image phase reaches its maximal SNR when the echo time is equal to T2*.
Tissue-Optimized SNR of Resonance Frequency with Multiple Echoes
Resonance frequency shift at different TEs [A2] can be calculated by normalizing the phases with their respective TE. Notice that, at a given TE, the SNR of frequency is the same as the SNR of phase as they are related by a constant scaling factor. Assuming that the noise levels in the phase images acquired with different echo times are temporally uncorrelated, a straight forward algebraic averaging improves the SNR level. Based on Eq. (9), direct averaging of the frequencies at N echoes leads to a SNR of: (11) Where t n denotes the n-th TE out of the N echoes, and denotes the signal magnitude at t n . An optimal way of combining the frequencies measured at different TE is to weigh the frequencies with their respective SNR prior to the combination, similar to that used in fMRI (Posse et al., 1999) . Specifically, the frequency map at echo time t n is weighted by: (12) In this way, the SNR of the weighted combination is given as: (13) We refer the above two ways of calculating resonance frequency as multi-echo (ME) averaging and multi-echo weighted (MEW) averaging respectively.
Calculating the SNR of multi-echo weighted frequency using Eq.(13) requires knowledge of M 0 , f and T2*. It is more informative to calculate the SNR ratios when comparing the two SNRs. The ratios of the SNR gains from multi-echo acquisition by using (11) and (13) are:
In Eq. (14) and (15), only the T2* of the tissues are needed for calculating SNR gains. For a T2* of 30 ms, the theoretical SNR gains by combining the frequency maps at 10 ms, 20 ms, 30 ms, 40 ms and 50 ms are 1.88 and 1.96 respectively for multi-echo averaging and multiecho weighted averaging. These gains are approximately equivalent to the SNR gain that can be obtained from averaging 4 acquisitions (a gain of 2).
METHODS

Simulation
Simulations were conducted to investigate the characteristics of phase SNR and the SNR levels of phase images acquired with a multi-echo sequence in comparison to those of single-echo phases. A complex MR signal with a given frequency offset and T2* relaxation time was simulated with white noise added to the real and imaginary parts respectively. The temporal variation of the MR signal within 0 ms and 60 ms was then simulated and the signal phase was extracted. To calculate the phase SNR, 50000 independent samples of the signal were generated and the phase SNR at a given time point was calculated as the ratio of the mean phase value to the standard deviation.
The SNR calculations were repeated for a range of frequency offsets (2 Hz to 10 Hz in steps of 2 Hz) and T2* relaxation times (10 ms to 50 ms in steps of 10 ms).
[A3] The SNR of the resonance frequency obtained by averaging the resonance frequency simulated with different echo times was compared to that of the resonance frequency simulated with TE=T2*, i.e. where the phase SNR is expected to be maximum. Both multi-echo averaging and multi-echo weighted averaging were considered.
In Vivo Experiments
The sequence shown in Figure 1a was implemented, i.e. five equidistant spiral-out trajectories were concatenated with a separation of 10 ms with a minimum echo time of 8ms[A4]. A uniform density spiral trajectory consisting of 18 interleaves was used with a 8.4 ms readout duration (Glover, 1999) . In vivo brain imaging of three healthy adult volunteers [A5]was performed on a 3T GE MR750 scanner (GE Healthcare, Waukesha, MI) equipped with an 8 channel head coil. Written informed consent was obtained from each subject in compliance with a protocol approved by the Institutional Review Board. Complex images were reconstructed with standard gridding and sampling density compensation calculated using the Voronoi method (Rasche et al., 1999) for each coil and independently processed as follows. Phase data were first extracted and unwrapped using an algorithm based on the Laplace operator . Next, background phase removal was performed using the sphere mean value (SMV) filter (Schweser et al., 2011) . The resulting phase maps from each coil were then averaged to obtain the final phase map.
In vivo assessment of SNR-To assess the SNR behavior of the phase, two scans were performed each with the first echo starting at 10 ms and 15 ms respectively. In this way, phase images were obtained at a set of echo times ranging from 10 ms to 55 ms with a 5 ms separation. For both scans the following scan parameters were used: TR = 70 ms, flip angle = 20°, FOV = 192 × 192 × 30 mm 3 and matrix size = 192 × 192 × 30 which resulted in an isotropic 1 mm resolution. Each scan was repeated 20 times and the phase SNR was calculated as the ratio of the mean phase to the standard deviation of the phase across the 20 repetitions. Then resonance frequency shift maps were calculated using either phase maps acquired with different echo times or by combining the frequency shifts estimated at different echo times using weighed averaging. The SNRs of the resulting frequency shift maps were calculated for selected region-of-interest in white matter, grey matter and CSF. Due to the inhomogenity of the frequency shifts within different tissues, the ROIs were manually selected based on the frequency shift map and constrained to several voxels. In the multi-echo weighted averaging, the T2* relaxation time needed for calculating the weights was determined by fitting the signal to an exponential decay curve.
Comparison with SPGR-A second experiment was carried out to compare the frequency shift and susceptibility maps obtained using the multi-echo spiral acquisitions to that obtained using the standard 3D SPGR sequence. The following scan parameters were used in the spiral acquisition: TR = 70 ms, flip angle = 20°, FOV = 192 × 192 × 120 mm 3 and matrix size = 192 × 192 × 120 which resulted in an isotropic 1 mm resolution. The first echo acquisition was at 10 ms. A scan using GE's product 3D SPGR sequence was performed on the same subject, using identical parameters as in the multi-echo spiral sequence with TE/TR = 40/52 ms. The scan time for SPGR was 20 minutes whereas that of the multi-echo spiral sequence was only 2.5 minutes. After phase processing, susceptibility maps were calculated from the different phase maps using the LSQR method as described previously . The quantitative susceptibility values of different tissue regions were computed by using the susceptibility of CSF as a reference, i.e. the difference between the susceptibility values of a given region of interest (ROI) and that of the CSF region. Segmentation of the deep nuclei regions was performed manually using susceptibility maps and magnitude images as reference.
[A6] R2* mapping-Using the 3D data set (192 × 192 × 120) were fully sampled and used to obtain the coil sensitivity profiles. Image reconstruction for data acquired at each echo time was performed with the projection-onconvex SENSE (POC SENSE) (Samsonov et al., 2004 ) method based on the conjugate gradient algorithm. The stopping criterion was set to be a residual error of 0.001. The resulting frequency map was calculated with multi-echo weighed averaging and compared to that of the fully sampled data set.
High resolution phase imaging-The fast data acquisition and inherently high SNR of the multi-echo spiral technique allows practical high-resolution phase imaging. To evaluate its performance at high spatial resolution, additional images were acquired with the following parameters: FOV = 192 mm, matrix size = 384×384, 64 interleaves resulting in a 0.5 mm resolution. As a comparison, lower resolution images were acquired on the same subject with a matrix size of 192×192 and a resolution of 1.0 mm. In both cases, the length of spiral readout trajectory is maintained as close as possible with 8.5 ms for 0.5 mm resolution and 8.4 ms for 1.0 mm resolution, allowing equal echo spacing[A13], same TEs and TR for both cases. As a result, both acquisitions have the same SNR gains from multiecho weighted averaging and equivalent off-resonance levels. Figure 2 shows the SNR behavior of the phase as a function of T2* and frequency shift. In Figure 2a and 2b the temporal SNR curves with varying frequency offset levels and T2* times are shown respectively. In Figure 2a the frequency offset was varied from 2 Hz to 10 Hz with a 2 Hz increment while the T2* was fixed at 30 ms; in Figure 2b , the T2* was varied from 20 ms to 50 ms in 10 ms[A14] increments while the frequency offset was fixed at 6 Hz. From Figure 2a , it is seen that the phase SNR at a given time point is linearly proportional to the frequency offset, but the frequency offset has no effect on the time at which the maximal SNR occurs. In Figure 2b , it is seen that the maximal SNR does occur at TE=T2* and is linearly proportional to the T2* relaxation time. Both observations agree well with the theoretical model in Eq.(9). Figure 2c compares the SNR performance of multi-echo averaging and multi-echo weighted averaging in reference to single-echo acquisition. A five-echo acquisition with TE of 10 ms, 20 ms, 30 ms, 40 ms and 50 ms is shown for a frequency offset of 6 Hz and a T2* of 30 ms. The resulting resonance frequency SNR calculated from the multi-echo data are labeled in Figure 2c in comparison to the SNR of individual acquisitions at each TE. The SNR of multi-echo averaging and multi-echo weighed averaging is, respectively, 1.79 and 1.87 times of the maximal SNR obtainable with single-echo acquisition. These values are comparable to the theoretically predicted figures of 1.88 and 1.96 respectively; the slight difference between simulation and theoretical prediction is likely due to the approximation used in the model and also the insufficient number of samples.
RESULTS Simulation
[A15]
Experiment
The analysis presented below is based on the data acquired from the same healthy volunteer.
Consistent findings were observed across all three volunteers. [A16]
In vivo assessment of SNR- Figure 3a shows a set of representative frequency maps obtained at the five echo times (from 10 ms to 50 ms) and the[A17] corresponding frequency map obtained with multi-echo weighted averaging. It is seen that the image phase has a temporally and spatially varying level of contrast-to-noise-ratio (CNR). For instance, the white/grey matter contrast is more noticeable at later echo times such as in the cortex region as indicated by the arrow. On the other hand, the deep nuclei appear to have better CNR at shorter TE (comparing the red nucleus region in frequency maps obtained at 20 ms and 40 ms) due to their shorter T2* values. The multi-echo weighted averaging results in a frequency map CNR superior to that obtained with any individual echo time. Figure 3b -d shows the measured (stars) and predicted (solid lines) temporal variations of phase SNR in ROIs of white matter, grey matter and CSF respectively. The theoretically predicted SNR curves were calculated using the measured T2* relaxation times, which were 38 ms, 45 ms and 80 ms for white matter, grey matter and CSF respectively. It is evident that the measured SNR levels agree well with the theoretical predictions. Both experimental data and theoretical predications confirm that the maximal SNR occurs with TE around T2*. [A18]
[A19] Table 1 lists the predicted and measured SNR gains by using the multi-echo weighted averaging of the selected ROIs in white matter, grey matter and CSF. [A20] In the cases of white matter and grey matter, the frequency SNR values measured with echo times of 40 ms and 45 ms were used respectively (closest to the estimated T2* times); in the case of CSF, the frequency SNR of the acquisition with echo time of 55 ms was used. The multi-echo frequency shift map was obtained by combining the frequency shift maps measured at all 10 echo times[A21], using the SNR weights as in Eq.(13). The measured SNR gains are seen to be similar to the predicted gains; the difference might be due to the errors involved in estimating the SNR levels at individual echo times.
Comparison with SPGR-The frequency maps obtained from the multi-echo spiral and the SPGR sequences are compared in Figure 4a . It is seen that both frequency maps show good contrast in various brain structures such as the deep nuclei and the grey/white matter interfaces. No significant SNR differences were observed in the two maps despite the 8 fold reduction in scan time in the multi-echo spiral technique. Overall, the frequency maps obtained with the multi-echo spiral method appear to be slightly smoother than those of SPGR due to off-resonance, gridding and the circular coverage of k-space in spiral trajectory. Similar characteristics can be also observed in the calculated susceptibility maps as shown in Figure 4b . Nevertheless, the susceptibilities calculated with both sequences are very similar in iron-rich regions of deep nuclei [A22]such as the putamen (PU), the red nucleus (RN), the substantia nigra (SN) and the globus pallidus (GP)[A23] (Table 2) . Figure 5 .a and 5.b shows examples of multi-echo magnitude images and calculated R2* maps respectively. It is seen that high-quality magnitude images were obtained using the spiral acquisition.
R2* mapping-
[A24]The R2* map shows good delineation of the deep nucleus regions, such as the RN and SN as labeled. However, the contrast between gray and white matter is not nearly as good as in resonance frequency images. Figure 5b Parallel imaging- Figure 6 compares the frequency maps extracted from the fully sampled and the parallel imaging accelerated (acceleration factor of 2) datasets. Figure 6a shows two typical fully sampled frequency maps while Figure 6b shows the corresponding frequency maps obtained with an acceleration factor of 2. In Figure 6c a line profile for each image is plotted. It can be seen that the tissue features and contrast are well maintained in frequency maps reconstructed from the under-sampled dataset, despite a slightly higher noise level, as expected. Figure 7 compares frequency maps acquired at 1 mm resolution and 0.5 mm resolution. At 0.5 mm resolution, the frequency map features finer tissue details and sharper delineation of tissue boundaries. The enhanced structural details are especially evident in regions of the white/grey matter interface and white matter fiber bundle, such as indicated in the zoom-in regions. It is evident that the proposed technique is capable of generate high-resolution maps of frequency shift at 3 T.
High-resolution imaging of frequency shift-
[A25]
DISCUSSION & CONCLUSION
We have proposed and implemented a fast data acquisition strategy for simultaneous mapping of frequency shifts and T2* values at high-spatial resolution. This technique samples the T2* decay curve at multiple echoes within one TR. The measured T2* values are used to optimally combine the multi-echo data for the calculation of frequency maps. Although the current implementation utilizes a stack-of-spiral trajectory, the technique can be readily extended to other multi-shot trajectories. With the proposed method, whole-brain coverage with 1 mm isotropic resolution can be achieved at 8-times faster than the standard 3D SPGR sequence without apparent loss of image quality. Further combination with parallel imaging makes it feasible to acquire whole-brain susceptibility and T2* maps simultaneously at minute-temporal resolution.
One important issue in the frequency shift imaging is choosing the appropriate TE for a gradient echo sequence to achieve good contrast and SNR. This issue is addressed here with multi-echo acquisition and optimal data combination. We first analyzed the SNR behavior of the phase and elucidated its dependence on resonance frequency and T2*. It is shown that the maximal phase SNR is achieved at TE = T2* which is consistent with findings in BOLD fMRI. While BOLD contrast is primarily focused on the cortical gray matter, phase contrast examines the frequency distribution in the whole brain. Cortical gray matter has relatively uniform T2* values (~ 40 ms at 3.0 T); however, brain tissues by and large have a wide range of T2* values (see Figure 5) . As a result, optimal SNR cannot be achieved simultaneously for all tissue types. This problem is overcome with the proposed technique of multi-echo weighted averaging. It is shown that the resulting maps of frequency shift and corresponding magnetic susceptibility have comparable SNR and CNR to those acquired with a standard 3D SPGR sequence.
Long scan time has been a critical obstacle for routine application of quantitative susceptibility and T2* mapping. The proposed technique of multi-echo weighted averaging improves the scan efficiency by a factor of 8 without sacrificing the quantitative accuracy and image quality. It allows simultaneous mapping of magnetic susceptibility and T2* within 2.5 minutes. Further acceleration can be achieved by reducing the number of spiral interleaves and using parallel imaging. Reducing the number of interleaves, however, increases the readout length resulting in more pronounced off-resonance blurring. Offresonance artifacts may be mitigated by performing better shimming, applying off-resonance correction or employing a susceptibility compensating RF excitation such as that in (Yang et al., 2010; Yang et al., 2011) . Based on initial experiences, applying a scanner product shimming procedure and using 18 or more interleaves results in good image quality for a spatial resolution of 1 mm at 3T[A26]. Off resonance corrections using estimated field map have also been attempted on the current data set, but no obvious improvement was noticed due to the short readout time used. As demonstrated, higher resolution (0.5 mm) can be achieved with negligible artifacts and within practical scan time. The optimal combination of number of interleaves, acceleration factor and number of echoes to be used for achieving the optimal SNR and off-resonance requires further investigation.
The capability of determining susceptibility and T2* (R2*) simultaneously within one scan offers a unique opportunity to study the relationship between these two and their physiological relevance. Susceptibility and R2* may provide complementary information for tissue characterization. Both R2* (Ghugre et al., 2006; Langkammer et al., 2010; St Pierre et al., 2005) and susceptibility Schweser et al., 2011) have been suggested as a measure for tissue iron levels. In our in vivo data, a strong correlation was observed between R2* and susceptibility in the deep nuclei. While R2* measures the absolute rate of signal decay, susceptibility measurements are relative. Furthermore, magnetic susceptibility may not be the sole source of the observed frequency offset (Shmueli et al., 2011; Zhong et al., 2008) . It is unclear how T2* is affected by the different sources that influence the phase contrast. In brain white matter, both T2* and magnetic susceptibility have been reported to depend on the underlying neuronal fiber orientation with respect to external magnetic field. The exact mechanisms are still under investigation. Studying T2* and susceptibility together may allow us to gain further insight of the brain tissue intrinsic properties.
APPENDIX
For a given signal [A1] Denote the signal magnitude , then the real and imaginary parts are:
Denote the signal phase θ = 2π ft and the noise impaired signal phase θ̂ = 2π ft + n θ , then Comparison of frequency offset and susceptibility maps obtained from multi-echo spiral acquisition and SPGR acquisition: (a) frequency offset map and (b) susceptibility map. phase and susceptibility maps obtained from the two acquisitions have similar levels of SNR and contrast, however spiral acquisition shows a subtle smoothing appearance. Comparison of frequency shift maps at (a) 1-mm and (b) 0.5-mm resolution. The enhanced structural details at the 0.5-mm spatial resolution are clearly seen in the zoomed-in regions (insets in the lower corners). 
